Tissue-engineered bone shows promise in meeting the huge demand for bone grafts caused by up to 4 million bone replacement procedures per year, worldwide. State-of-the-art bone tissue engineering strategies use flow perfusion bioreactors to apply biophysical stimuli to cells seeded on scaffolds and to grow tissue suitable for implantation into the patient's body. The aim of this study was to quantify the deformation of cells seeded on a collagen-GAG scaffold which was perfused by culture medium inside a flow perfusion bioreactor. Using a µCT scan of an unseeded collagen-GAG scaffold, a sequential 3D CFD-deformation model was developed. The wall shear stress and the hydrostatic wall pressure acting on the cells were computed through the use of a CFD simulation and fed into a linear elastostatics model in order to calculate the deformation of the cells. The model used numerically seeded cells of two common morphologies where cells are either attached flatly on the scaffold wall or bridging two struts of the scaffold. Our study showed that the displacement of the cells is primarily determined by the cell morphology. Although cells of both attachment profiles were subjected to the same mechanical load, cells bridging two struts experienced a deformation up to 500 times higher than cells only attached to one strut. As the scaffold's pore size determines both the mechanical load and the type of attachment, the design of an optimal scaffold must take into account the interplay of these two features and requires a design process that optimizes both parameters at the same time.
Introduction
Every year, up to 4 million bone replacement procedures are performed worldwide which require the use of a bone graft [1] . However, both of the most common treatments show substantial drawbacks. Autografts, where bone is taken from the patient's own body and then re-implanted, has only limited availability and an additional invasive surgery is necessary which raises the possibility of donor site morbidity. Allograft, where bone is removed from an organ donor, possesses a small risk of disease transmission and again has limited availability. Therefore, the recent focus of bone graft research has switched to bone tissue engineering, where cells (taken from the patient's bone marrow) are seeded onto a biological scaffold. These cells produce bone tissue in vitro [2] using chemical and biological growth factors or by responding to biophysical stimuli applied by a bioreactor.
Scaffolds play a key role in tissue engineering and must meet various demands. The scaffold material has to be biodegradable and the products of degradation should be non-toxic [3] . The scaffold structure has to be highly porous with a high interconnectivity and a surface area [4] which allows nutrient flow throughout the scaffold and the surrounding host tissue. Collagenglycosaminoglycan (GAG) scaffolds developed by Yannas et al. [5] and adapted for bone tissue engineering by O'Brien et al [6] fulfil all these key criteria and show promising results in vitro [7] and in vivo [8] .
The only disadvantage of the collagen-GAG scaffold for bone tissue engineering is that it has relatively poor mechanical properties. However, the mechanical properties of the cell-seeded collagen-GAG scaffold can be improved through in vitro matrix production and mineralisation.
Biophysical stimuli can be used to increase this matrix production and improve the levels of mineralisation. One way of applying biophysical stimuli is through the use of a flow perfusion bioreactor as shown in Figure 1 , where culture medium is pumped through the cell-seeded scaffold [9, 10, 11] exposing the cells to a shear stress.
Although several biophysical stimuli have been proposed such as deviatoric stress, hydrostatic stress, and principal strain [29, 30] it has been established that shear stress is the main biophysical stimulus which causes cells to activate matrix production and mineralization [12, 17, 31] . The applied wall shear stress needs to be in a physiologically relevant range. In vivo, bone cells experience estimated shear stresses of 0.8Pa to 3.0Pa for the range of routine physical activity [32] .
Shear stress values outside the physiologically relevant range might lead to a lack of osteogenic stimulation or a stimulation of osteogenic activity that is sub-optimal. A number of studies have estimated the levels of shear stress required to stimulate osteoblasts to upregulate osteogenic markers and produce extracellular matrix. Smalt et al. [13] reported that wall shear stress values of 3Pa caused osteoblastic cells seeded on a substrate to release the early bone formation marker prostaglandin E 2 but that levels of shear stress as low as 30mPa did not result in a significant increase of prostaglandin E 2 . A calcium phosphate scaffold (pore size ~350µm) seeded with MC3T3 cells were used by Vance et at. [14] to stimulate the cells to release prostaglandin E 2 by applying wall shear stress values of up to 1.2Pa using a flow perfusion bioreactor. However, Jaasma and O'Brien [22] reported that much lower wall shear stress values (~20mPa) are sufficient to stimulate osteoblastic cells seeded on collagen-GAG scaffolds (pore size ~96µm) to release prostaglandin E 2 .
Besides the fluid flow, the cell morphology and the cell's position within the scaffold also affect the mechanical response [18] . This indicates that the applied wall shear stress alone is an inadequate measure to determine the optimal biophysical stimulus. We hypothesize that the cell deformation is more suitable to characterize the applied biophysical stimulus, because it not only takes into account the acting forces caused by the fluid flow, but also the cell morphology.
Computational fluid-dynamics models (CFD) have been successfully used to quantify the shear stresses acting inside microstructures [15, 16, 34] , whereas finite element deformation simulations have been used to quantify the deformation of cells caused by a fluid flow [17] . Little work has been done in combining these two methods to determine the exact fluid conditions inside a scaffold and calculate its mechanical effect on the seeded cells.. The objective of this study was to determine the cell-level biophysical stimuli within collagen-GAG scaffolds subjected to externally applied fluid flow using a bioractor by quantifying the mechanical deformation of the cells. We hypothesise that the different cell attachment profiles to the scaffold struts that are observed experimentally [19] will determine the levels of cell deformation within the scaffold. To investigate this hypothesis, a novel 3D CFD-elastostatics model of a cell-seeded collagen-GAG scaffold was developed to (i) quantify the velocity, the shear stress, and the hydrostatic pressure of the fluid inside the scaffold, to (ii) determine the wall shear stress and the hydrostatic wall pressure, that cells seeded on the scaffold are exposed to, and to (iii) analyse the deformation of cells of two common cell attachment profiles.
Methods
A computational model was designed to characterize the deformation of osteoblastic cells seeded on a collagen-GAG scaffold [6] exposed to flow perfusion in a bioreactor. The scaffolds were fabricated in our laboratory [20] and had an average pore size of 96µm [6] . 2x10 6 cells were seeded on the scaffold (diameter = ~12.0 mm, thickness = ~3.5 mm) as described in [11] .
The development of the model required a five step procedure: geometry reconstruction, numerical cell seeding, mesh creation, CFD simulation, and elastostatic simulation.
Step 1: A micro-computed tomography (µCT) scan of an unseeded collagen-GAG scaffold was used to obtain a numerical model of the scaffold. The µCT scan was performed by SCANCO Medical AG (Bassersdorf, Switzerland). The scan comprised a volume of 10,240µm x 10,240µm x 520µm ( Figure 2 ). The pixel size was 5µm x 5µm x 5µm. In order to reduce the computational costs, three randomly chosen sub-volumes with dimensions of 640µm x 640µm x 480µm were analysed. The 3D model of the scaffold geometry was reconstructed from the grey-scale µCT raw data by extracting the chosen sub-volumes, filtering (Gaussian rank filter) and thresholding.
Step 2: A computer program was developed to numerically seed cells on the 3D model of the scaffold obtained in Step 1. Previous investigations using confocal microscopy, differentiate two types of cell attachment in the collagen scaffolds used in our laboratory [19] : approximately 25% of the cells are attached flatly to the scaffold wall and 75% of the cells are attached bridging two struts of the scaffold [19, 35] . The seeding program was able to seed both types of cells on the 3D model.
The seeded cells were between 45 and 65µm long. Cells attached to two struts had the form of a sphere representing the cell body and two processes. The average diameter of the sphere was 15µm and the average diameter of the cylinder-shaped processes was 2.2µm [21] (see Figure 3a ). Cells flatly attached to the scaffold wall had the form of a hemisphere representing the cell body (see Figure 3b ) and two processes with a semi-circular cross section. In order to obtain the same cell volume for both cell types, the average diameter of the hemispherical-shaped cell body was 19µm and the average diameter of the semi-circular processes was 3.0µm. The seeding program used two similar algorithms for the two attachment types. The procedures started with randomly picking a void-scaffold interface. From this starting face the algorithms tried to propagate cell material through the scaffold void in a randomly chosen direction. If an entire cell could not be propagated without hitting an obstacle in the form of scaffold material or an already seeded cell then the seeding attempt of this cell was aborted and a new propagation direction or a new starting voidscaffold interface was picked. This procedure was repeated until all cells were successfully seeded on the scaffold. The main difference between the two seeding algorithms was that for bridging cells a potential opposite attachment face was determined before the propagation attempt was started.
The opposite attachment face was computed using the normal vectors of the attachment faces, the minimum and maximum cell length. In total approximately 900 (675 bridging and 225 flat) cells were numerically seeded on the used sub-volume which corresponds to the experimental setup, where 2x10 6 cells had been used on scaffolds with a volume of 0.443cm 3 . The model of the cellseeded scaffold (sub-volume number two) is shown in Figure 4 . The final geometry had a volume of 640µm x 640µm x 480µm = 0.197mm 3 of which 2.2%, 9.6%, and 88.2% were cells, scaffold material, and void, respectively.
Step 3: A smoothing procedure of the cell-seeded structure and the creation of the mesh were performed. A hexahedral mesh containing approximately 1,700,000 hexahedrons was created from the interstice of the structure. This mesh was used in the CFD simulation. Mesh refinement analyses of the CFD mesh showed that the maximum error on wall shear stress and hydrostatic pressure was below 1.5%. Furthermore, for each cell a hexahedral mesh was calculated from the structure. The cell meshes consisted of roughly 2,200 hexahedrons and were used separately in the deformation simulation. The maximum error on displacement and von Mises stress of the elastostatics simulation was investigated by a mesh refinement analyses and was below 1%.
Step 4: A CFD simulation with the following parameters and boundary conditions was performed: laminar fluid flow, incompressible Newtonian fluid with the viscosity of water at 37° Celsius, noslip boundary conditions on walls, constant velocity inlet (235µm/s which corresponds to the experimental maximum velocity of 1ml/min [22] ), zero-pressure outlet, and impermeable cell and scaffold walls. Using an FE deformation simulation, the Young's modulus of the whole scaffold [23] was used to determine the Young's modulus of the collagen-GAG material. In agreement with [24] , the simulations showed that the Young's modulus of the collagen-GAG material of our scaffold was > 10 6 Pa. The obtained Young's modulus of the collagen-GAG material was used in another FE study of the scaffold which revealed that the relative deformation of the scaffold caused by the fluid flow is less than 0.2%. Hence, it was assumed that the scaffold material is rigid and that the walls of the scaffold do not move during the CFD simulation. Due to the small cell volume, cell deformation contributes insignificant changes to the fluid dynamics system. Therefore, the cells were also assumed to be rigid during the CFD simulation. An inlet area of a length of 100µm was added to the simulation volume to allow the nutrition fluid to distribute freely before entering the scaffold. The simulation was performed using the FV (finite volume) solver icoFoam of the open source CFD toolbox OpenFOAM [25].
Step 5: The deformation of the cells was simulated using the wall shear stress and the hydrostatic wall pressure computed in Step 4. The cells were assumed to be of isotropic, homogeneous material with a constant Young's modulus of 1kPa [26, 27] simplifying the complex mechanical nature of the cells to a linear elastic behavior. The nodes of cell faces touching the scaffold were set to the constraint: u x = u y = u z = 0, where u x , u y ,and u z are the displacements of a node in x-, y-, and zdirection. This constraint resulted in immobile nodes at the contact area between scaffold and cells and from a simulation point of view caused the cells to stick on the scaffold. The forces caused by the wall shear stress and the hydrostatic wall pressure were applied to the nodes of faces exposed to fluid flow. The deformation simulation was done separately for each cell and performed using the The CFD simulations were performed on a 64-Bit Linux computer cluster using 8 CPUs in parallel.
The CFD simulation of one sub-volume took ~78 hours. A 32-Bit Linux PC was used to perform the elastostatics simulations. The FE simulation of one cell took on average 8 minutes resulting in a run time of ~5 days for all 900 cells of one sub-volume.
Results
All average values and histogram distributions presented in this study have been calculated over the three simulated sub-volumes. The maximum difference in shear stress, pressure and deformation of the 3 sub-volumes was < 4%. Furthermore, all results concerning cells -as forces acting on cells and the displacement of cells -presented in this work are from inner cubes of the size of 320µm x 320µm x 320µm in order to avoid boundary artefacts [16] . As shown in the distribution of the magnitude of the fluid velocity inside the cell-seeded scaffold ( Fig. 6 ), most of the scaffold volume was perfused with low fluid velocities (50% of the volume is perfused with a fluid velocity less than 220µm/s and less than 3% of the volume were subjected to a fluid velocity larger than 900µm/s). The pronounced peak at a velocity of 200-300µm/s corresponds to the inlet velocity of 235µm/s. In agreement with the distribution of the fluid velocity in Figure 6 , the simulations revealed that most of the scaffold and cell walls were exposed to low values of shear stress ( Fig. 7(a) ). The wall shear stress ranged from 0 to 162mPa and less than 38% of the wall was exposed to a shear stress larger than 20mPa. However, the hydrostatic wall pressure acting on the scaffold and cell walls showed a plateau-like shape ( Fig. 7(b) ). The plateau-like pressure distribution is in agreement with Darcy's law, which predicts a linear increase of the pressure if the permeability of the scaffold is homogenous. The minimum and maximum hydrostatic wall pressure values were -79mPa and 557mPa, respectively. Figure 8 depicts the average values of the maximum wall shear stress and the average value of the mean wall shear stress that the cells were exposed to. This indicates that cells were exposed to approximately the same maximum and the same mean wall shear stress regardless of attachment profile. Figure 9 shows (a) the average of the maximum displacement and (b) the average of the mean displacement of the cells caused by the wall shear stress and the hydrostatic wall pressure. Unlike the wall shear stress and the wall pressure (Fig. 8) , the displacement of the cells differs largely depending on the type of cell attachment. Cells attached to two struts experienced a deformation of up to 500 times higher than cells attached to only one strut (bridging cells 1.6µm compared to flatly attached cells 3.4nm). The respective contributions of the wall shear stress and the wall pressure were estimated by additionally performing the deformation simulations with the shear forces included and the pressure forces excluded and vice versa. When the two separately obtained displacement values are combined, a good agreement is found with the total displacement that was computed using both input types, the wall shear stress and the wall pressure. This indicates that the two contributions constructively superimpose and that the respective contributions of the wall shear stress and wall pressure can simply be calculated by neglecting the other input type. The wall shear stress and the wall pressure contributed approximately 47% and 53% to the maximum and mean displacement of the cells attached to two struts. However for flatly attached cells there was an average contribution of 62% by wall shear stress and of 38% by wall pressure to the maximum and mean displacement, respectively.
The distribution of displacement maxima is shown in Figure 10 . Figure 10 (a) and Figure 10(b) depict the distribution of cells attached to two struts and of cells attached to one strut respectively. It can be seen that the maximum displacement in both groups of attachment varied widely and that only a minority of the cells experienced a displacement close to the absolute maximum of each attachment type. The pronounced variety of displacement maxima in both groups is a result of the variety of flow conditions and fluid velocities inside the scaffold. Depending on their position the cells were exposed to a wide range of acting forces and therefore showed a broad distribution of displacement maxima.
Despite the fact that cells with both attachment profiles were on average subjected to the same mechanical load (Fig. 8 ) the cellular von Mises stress in bridging cells is much higher than in flatly attached cells. The averaged maximum cellular von Mises stress of bridging cells was 34mPa, whereas it was 1.3mPa for flatly attached cells.
Discussion
The aim of this numerical study was to quantify the wall shear stress and hydrostatic wall pressure acting on cells seeded to collagen-GAG scaffolds and to analyse the effect of the two common attachment profiles on the cell deformation during flow perfusion experiments. The wall shear stress and the hydrostatic wall pressure were computed through the use of a CFD simulation and fed into an elastostatics model in order to calculate the deformation of the cells. Our study showed that the displacement of the cells is primarily determined by the cell attachment. Although cells of both attachment profiles were subjected to a similar flow environment, cells bridging two struts experienced a deformation up to 500 times higher than cells only attached to one strut.
Recently, two types of computational studies have been reported which looked at the response of cells to fluid flow [15, 16, 17] . In the first type, 3D CFD models were used to calculate the shear stress acting on the walls of a scaffold without incorporating cells to the model. The forces acting on the cells were estimated by the results obtained from the CFD simulation and the deformation of the cells was not calculated [15, 16] . In the second type, 3D FE models were utilized to calculate the deformation of cells without determining the exact fluid dynamical environment of the deformed cells [17] . The novel work presented in this article combines these two approaches. Firstly, the forces acting on the cells caused by the fluid flow were determined by a CFD simulation. In a second step these forces were used to calculate the deformation of the cells and the cellular von Mises stress.
The following three limitations should be considered in the interpretation of this work. Firstly, the cells were seeded to the scaffolds numerically, because it is not possible to do a µCT scan of materials which are minimally radio absorbent such as collagen and living cells. Furthermore, µCT scans do not differentiate between scaffold material and cells. Confocal microscopy images of cellseeded scaffolds [19] have been used to optimize the cell morphology created by the numerical seeding algorithms. The most critical parameter was the diameter of the processes of bridging cells.
Although varying the diameter had a strong effect on the displacement of bridging cells, it does not diminish the qualitative validity of our concept as the difference between bridging and flatly attached cells is still very pronounced for a wide range of diameters (1 to 8µm). The second limitation was that for computational reasons a sequential and not a combined CFD-deformation simulation was used, meaning that the deformation of the cells was not fed back to the fluid dynamics model. Instead it was assumed that the flow conditions are only weakly altered by the deformation of the cells as the cells only occupy 2.5% of the scaffold's interstice. The third limitation was that the cells were assumed to be of linear isotropic and homogeneous material whose mechanical properties did not change with the applied mechanical load. This simplification did not mirror the complex structure of real cells and a more realistic model of the cellular components as suggested in [17] might further improve the precision of our simulations.
The large range of the fluid velocity and the wall shear stress ( Fig. 5 -7) was as a result of the complex geometry of the scaffold. Although the flow conditions varied widely inside the scaffold, on average cells with both attachment profiles were exposed to approximately the same mechanical load ( Fig. 8) . However, the deformation of the cells strongly depended on the attachment type. Fig.   9 clearly shows that flatly attached cells were much less deformed than cells which were attached to two struts.
The variation in the cell deformation depending on the type of attachment may explain the fact that in 3D experiments, much lower fluid velocities are required to stimulate cells than in 2D experiments (without a scaffold) [28] . It might also explain why in 3D bioreactor experiments using scaffolds with pore sizes too large to allow cells to bridge two struts, instead forcing them to attach to one strut only thus simulating 2D experiments, higher fluid velocities are used [14] . In 2D experiments, a wall shear stress of 30mPa is not sufficient to stimulate osteoblastic cells to release the early bone formation marker prostaglandin E 2 [13] , whereas in our 3D experiments shear stress values of 1mPa were sufficient [22] .
In [14] , an experiment with a calcium phosphate scaffold (with an average pore size of ~350µm causing all cells to be flatly attached) was reported using a maximum fluid velocity of 55mm/s which is approximately 230 higher than the maximum fluid velocity of 235µm/s we used in our experiments with the collagen-GAG scaffold (average pore size of ~96µm) [22] . In both experiments the fluid velocities caused the cells to respond to the mechanical stimulus with the release of prostaglandin E 2 indicating that the bone formation process was initiated. According to our simulations, the large difference in the fluid velocities is of the same order of magnitude as the difference in the displacement experienced by bridging and flatly attached cells when they are Taken together, the results indicate that the cell morphology -in particular the type of cell attachment -has a major impact on the magnitude of the deformation of the cells and thereby on the activation of the bone formation process. Cells attached flatly to one strut and cells bridging two struts were exposed to approximately the same wall shear stress and the same hydrostatic wall pressure. However, the maximum displacement values of both types of cells varied significantly: single strut cells showed an average maximum displacement of 3.4nm, whereas cells attached to two struts experienced an average maximum displacement of 1.6µm.
The pore size of scaffolds for tissue engineering is very important. The optimal pore size must allow the cells to migrate into the scaffold and provide the cells with a sufficient amount of nutrition. Furthermore, the pore size determines the mechanical load the cells are exposed to and the way the cells are attached to the scaffold. As shown in the present work the sensitivity of the cells to the mechanical load applied by a fluid flow dramatically changes with the type of the attachment.
Hence, the design of the optimal scaffold must take into account the interplay of the mechanical load and the type of attachment and requires a design process that optimizes both parameters at the same time. Fig. 1 : Flow perfusion bioreactor used in our laboratory to apply biophysical stimuli and thereby increase the mechanical properties of cell-seeded collagen-GAG scaffolds [11, 22] . Fig. 2 : µCT scan of the unseeded collagen-GAG scaffold used to reconstruct the 3D geometry for the sequential CFD-deformation simulation. Fig. 3 : The typical geometry of (a) a numerically seeded cell attached to two struts and of (b) a cell flatly attached to one strut -blue elements are scaffold material, red elements are cells. was created in a two step process. First, the maximum wall shear stress and the mean wall shear stress were determined for each cell. Then the maximum wall shear stress (max) and the mean wall shear stress (min) were averaged over all cells of an attachment group (taking into account only cells inside the three 320µm x 320µm x 320µm inner cubes). 
